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Interrupt early and often.
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7T Upside and Downside

• Upside

- More SNR

- More CNR (for some contrasts)

• Downside

- More B0 inhomogeneity

- More B1 inhomogeneity

- More RF absorption (SAR)

- Worse CNR (for some contrasts)
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FMRIF

GE 750 3T

Siemens 7T

Siemens 3T



Installation and Tune-Up
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Magnet Delivery – 08/15/10

Magnex/Agilent 7T/830 Actively shielded
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Installation Complete – 11/08/10

Followed by lots of Siemens testing ...
Human investigational study release 12/13/10
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Pineapple Onion

Fruits and Vegetables - 11/17/10
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First Functional Scan – 12/13/10

Subject SM - finger tapping



Hardware
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System Specs

• Magnex/Agilent 7T/830 Actively shielded

• Siemens console (VB15 → VB17 next week)

• Siemens gradient SC72

- Gmax = 42 mT/m, Gmax* = 70 mT/m

- Slew Rate = 200 mT/m/ms

- Partial 3rd Order Shim

• Siemens electronics

- Single channel Tx (1H and broadband X)

- 32 channel Rx
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RF Coils

• Nova 32

• QED 1H/31P

• Siemens Birdcage

• Home built coils

- Spine array

- Others
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RF Coils: Nova 32

Nova Medical: volume transmit, 32 channel receive array
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RF Coils: QED Dual Tuned 1H/31P 

NINDS
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RF Coils: Siemens Birdcage

Quadrature Birdcage
not yet approved for human use
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7T Upside and Downside

• Upside

- More SNR

- More CNR (for some contrasts)

• Downside

- More B0 inhomogeneity

- More B1 inhomogeneity

- More RF absorption (SAR)

- Worse CNR (for some contrasts)



More SNR is good
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More SNR is good

1 mm, 10 min
3T,  Volume Coil

0.7 mm, 10 min
7T, Rcv Array



Normalized

0.7 mm iso

MPRAGE Proton Density  

Anatomy
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Angiography

periphery. The intrinsic coil properties affected the
contrast of the PAs, especially vessels located at the
center of the brain as shown in Fig. 4. The result
showed that volume coils provided higher vessel con-
trast of the BA and PAs within a suitable transmission
power range.

We further compared the performance of 7T MRI to
those of lower field MRIs, such as 1.5T and 3T as
shown in Fig. 5. The experiments at different field
strength were performed using the same temporal re-
solution of approximately six minutes (Fig. 5a and b)
and the same spatial resolution of 0.24 ! 0.24 ! 0.32
mm3 (Fig. 5d and e) as that of 7T MRI (Fig. 5c). At

1.5T, none of the perforators were visible (Fig. 5a and
d), while 3T showed only faint images of the PAs (Fig.
5b and e). However, as shown in (Fig. 5c) and its cor-
responding line tracing in (Fig. 5f), 7T MRA visualized
details of the perforators and their branches with
greater clarity.

Figure 6 shows four additional PA images obtained
from healthy subjects by 7T MRA. Their corresponding
line tracings are shown in Fig. 7. The average number
of visible branches in all subjects was 7.14 6 2.79.

Figure 8 further illustrates the variety of PA distri-
bution patterns as seen from sagittal (Fig. 8a and d),
coronal (Fig. 8b and e), and axial (Fig. 8c and f) views

Figure 4. PA images obtained with different RF coils. MRA images of the PAs using hybrid, high pass, and phased array coils
are shown in (a), (b), and (c), respectively. Note that both volume coils provided higher contrast of the PAs compared to the
phased array coil, in which higher transmission power was applied. The same flip angle (FA) as the volume coils was not
enough to excite the blood spins flowing through the brain center with the phased array coil, and higher FA was limited by
SAR (e.g., a FA of 25" produced SAR of over 90% with the phased array coil and only 50–60% with the volume coils).

Figure 5. Comparison of PAs
with 7T MRI and conventional
lower field MRIs. PA images
obtained with optimized MR
parameters with 1.5T and 3T
MRIs are shown in (a, d) and
(b, e), respectively. Faint
branches of the PAs visualized
by 3T MRI are indicated by
the arrows. A PA image
obtained by 7T MRI and its
corresponding line drawing
are shown in (c) and (f),
respectively. (a), (b), and (c)
were obtained with the same
temporal resolution as shown
in Table 1, and (d) and (e)
with the same spatial resolu-
tion as that of 7T MRA, but
longer acquisition time as
shown in Table 1.

Visualization of Pontine Arteries at 7T MRA 547

Original Research

Non-Invasive Visualization of Basilar Artery
Perforators With 7T MR Angiography

Chang-Ki Kang, PhD,1 Chan-A Park, MS,1 Kyoung-Nam Kim, MS,1 Suk-Min Hong, MS,1

Cheol-Wan Park, MD, PhD,1 Young-Bo Kim, MD, PhD,1 and Zang-Hee Cho, PhD1,2*

Purpose: To visualize the perforating arteries originating
from basilar artery (BA) by using ultra-high resolution 7T
MR angiography (MRA) and optimizing MR parameters as
well as radio frequency (RF) coils, which may provide im-
portant information for neurosurgery and understanding
diseases of the pons, but was unable to clearly visualize
with conventional MRA techniques.

Materials and Methods: Seven healthy volunteers (five
males and two females, age [mean 6 SD] ¼ 28.71 6 7.54
years) were scanned using optimized MR parameters to
obtain images of pontine arteries (PAs) originating from
the main trunk of BA. Two different volume coils and a
phased array coil were designed and compared for this
study. The images obtained at 7T MRA were compared
with those at 1.5T and 3T MRA.

Results: The results showed that PA imaging at 7T MRI
consistently provided clearly identifiable vessels, which
were difficult to visualize in MR angiograms obtained at
1.5T and 3T MRIs. Volume RF coils had higher sensitivity
for the center of the brain, which enhanced PA imaging
compared to phased array coil. The average number of PA
branches in all seven subjects observable by 7T MRA was
7.14 6 2.79, and the visualized PA branches were found
to mainly propagating on the surface of the pons.

Conclusion: We have demonstrated that ultra-high reso-
lution 7T MRA could delineate the PAs using optimized
imaging parameters and volume RF coils compared to
commercially available 1.5T and 3T MRIs.

Key Words: 7T MR angiography; microvasculature; pon-
tine artery; perforators; basilar artery
J. Magn. Reson. Imaging 2010;32:544–550.
VC 2010 Wiley-Liss, Inc.

THE PONS AND OTHER ADJACENT AREAS of the
brain play an important role in many motor systems
for facial movement and limb coordination. They are
also essential for the relay of sensory information
between the cerebellum and cerebrum; as well as the
regulation of respiration (1,2). The anatomic distribu-
tion of the pontine arteries (PAs), therefore, has been
considered a crucial component of the arterial system
in the lower brain, especially for surgical or endovas-
cular treatment (3,4).

Recently several studies regarding the topographic
organization of pontine infarcts have been described
in the literature (5–7) and anatomic studies of the PAs
have been published; however a thorough analysis of
the PAs in vivo has been challenging mainly due to
the lack of imaging techniques available (8–11). Thus
the majority of in vivo vascular studies have only ana-
lyzed pontine disease in relation to the basilar artery
(BA), and vascular MRI studies of the PAs have yet to
be reported (3,12). Although the visualization of these
arteries may be important for clinical applications,
conventional MRI techniques are unable to visualize
the small perforating arteries supplying the pons.

The recent introduction of 7T MRI began to suggest
the possibility of visualizing the penetrating or perfo-
rating arteries of the BA and other microstructures in
the living human brain (13,14). Studies using 7T MR
angiography (MRA) have shown the in vivo microvas-
cular imaging of structures such as the lenticulostri-
ate arteries (LSAs) that were once thought impossible
(15–17). The ability of 7T MRI to visualize the small
arteries is attributed to the increased signal to noise
ratio (SNR) of the ultra-high field strength MR, which
provides not only improved vessel contrast via the lon-
ger T1 relaxation time of surrounding tissue, but
reduces also the partial volume effect, especially at
high imaging resolutions (15,18).

The aim of this study was to demonstrate the imag-
ing of the pontine and perforating branches of the BA
in vivo by optimizing imaging protocols together with
radio frequency (RF) coils designed specifically for PA
imaging using time-of-flight (TOF) MRA at 7T MRI. In
this paper, we present images of the PAs using nonin-
vasive 7T MRA and compared the results with those
of conventional 1.5T and 3T MRIs to evaluate the
potential of 7T MRI for microvascular imaging.
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Science, Incheon, Korea.
2Department of Radiological Sciences, University of California, Irvine,
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Angiography

Fig 1. Three-dimensional models of the arterial systems (left) and the venous systems (right) reconstructed from: (A) 1.5T; (B) 3T; (C) 7T.
The diameter of the smallest vessels is 90 microns. The viewing direction is indicated by the orientation box in the top-left corner (A = anterior;
P = posterior; R = right; L = left; S = superior; and I = inferior).

4 Journal of Neuroimaging Vol XX No XX 2011
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Comparison of Magnetic Resonance Angiography Scans on
1.5, 3, and 7 Tesla Units: A Quantitative Study of 3-Dimensional
Cerebrovasculature
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A b s t r a c t

BACKGROUND
Although multiple studies demonstrate benefits of high field imaging of cerebrovascula-
ture, a detailed quantitative analysis of complete cerebrovascular system is unavailable.
To compare quality of MR angiography (MRA) acquisitions at various field strengths, we
used 3-dimensional (3D) geometric cerebrovascular models extracted from 1.5T/3T/7T
scans.
METHODS
The 3D cerebrovascular models were compared in volume, length, and number of branches.
A relationship between the vascular length and volume was statistically derived. Acquisi-
tion performance was benchmarked against the maximum volume at infinitive length.
RESULTS
The numbers of vessels discernible on 1.5T/3T/7T are 138/363/907. 3T shows 3.3(1.9)
and 7T 1.2(9.1) times more arteries (veins) than 1.5T. The vascular lengths and volumes
at 1.5T/3T/7T are 3.7/12.5/22.7 m and 15.8/26.6/28.0 cm3. For arteries: 3T-1.5T gain
is very high in length, high in volume; 7T-3T gain is medium in length, small in volume.
For veins: 3T-1.5T gain is moderate in length, high in volume; 7T-3T gain is very high in
length, moderate in volume. 1.5T shows merely half of vascular volume. At 3T 6%, while
at 7T only 1% of vascular volume is missing.
CONCLUSION
Our approach differs from standard approaches based on visual assessment and signal
(contrast)-to-noise ratio. It also measures absolute acquisition performance, provides a
unique length-volume relationship, and predicts length/volume for intermediate teslages.

Introduction
The advancements in magnetic resonance imaging (MRI) are
dramatic over the last decades. While 1.5 Tesla (T) and 3T
acquisitions are already widely used in diagnostic imaging, 7
and higher Tesla imaging is opening new avenues with high-
resolution anatomical MRI, functional MRI, MR angiography
(MRA), and susceptibility weighted imaging (SWI).1 The in-
creased sensitivity, higher resolution, and additional contrast
mechanism by employing multiple coils available at higher
field strengths offer advantages when acquiring MRA volumet-
ric data.2

Cerebrovascular diseases, therefore, are among those which
benefit of the development in high magnetic field MRI, en-
abling imaging very detailed vascular systems. A study3 re-
ported a tremendous enhancement of venous structures at 8T
up to 100 µm in size, including perforating venous drainage.

This is further confirmed in Novak and coworkers’ work,4

which utilized 8T acquisition to visualize venous cavernoma
from a hemorrhagic stroke case. A study5 demonstrated that
very detailed microvasculatures (such as intracortical veins) can
be visualized clearly in 7T MR venography, but no quantitative
analysis of vessel visibility was carried out. A study6 reported
almost 100% increase in the signal-to-noise ratio (SNR) and
contrast-to-noise ratio (CNR) from 1.5T to 3T time of flight
(TOF) acquisition in the region of the anterior (ACA), middle
(MCA), and posterior (PCA) cerebral arteries. Another study7

demonstrated an increase of CNR by 88% from a 3T to 7T TOF
acquisition; that study was limited to major arterial groups:
MCA, PCA, superior portions of the internal carotid artery
(ICA), and basilar artery (BA). A study8 compared the vascu-
lar system for 1.5T, 3T, and 7T TOF. The authors studied the
SNR of the circle of Willis (COW) as well as the visibility of

Copyright ◦C 2011 by the American Society of Neuroimaging 1
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Trabecular bone

194 Magn Reson Mater Phy (2011) 24:191–199

osteoporosis, connectivity between rods has been shown to
decrease [5,6].

Statistical analysis

Statistical analysis was performed using SPSS (Chicago,
Illinois). For each individual, mean values (of the two scans)
for TBV, BVF, SC, and EI were computed for the distal radius
analyzed: (1) as a whole ROI, (2) as 4 subregions, and (3) as 8
subregions. Mean subregional values and standard deviations
for TBV, BVF, SC, and EI were calculated. Within a given
individual, the percent variation across subregions (Var) was
calculated as the subregional standard deviation divided by
the subregional mean multiplied by 100. For the group, mean
values and standard deviations for TBV, BVF, SC, and EI
were also computed for the wrist analyzed: (1) as a whole
ROI, (2) as 4 subregions, and (3) as 8 subregions. The percent
biological variation across subjects (BVar) was calculated
as the group standard deviation divided by the group mean
multiplied by 100. As subjects were scanned twice, mea-
surement reproducibility for the whole radius was assessed

by computing the within-subject root mean square coefficient
of variation and the intraclass correlation coefficient.

Results

Representative axial 7 T MR images of trabecular bone of
the wrist from each subject are shown in Fig. 2a to d. A co-
registered image from scans 1 and 2 for a subject is shown
in Fig. 3. For each subject, TBV, BVF, surface-curve (SC)
ratio, and EI are shown in Table 1 for the distal radius ana-
lyzed: (1) as a whole ROI, (2) as 4 subregions, and (3) as
8 subregions. The results show that within each individual,
there is subregional variation in TBV, surface-curve ratio,
and EI, but not in BVF (<5%) (Table 1). For the group as a
whole, biological variation between subjects was detected for
all parameters whether the wrist was analyzed as one whole
ROI or analyzed on a subregional level (Table 2). There was
good measurement reproducibility for TBV, BVF, surface-
curve ratio, and EI as assessed by a within-subject root mean
square coefficient of variation ≤10% and an intraclass cor-
relation coefficient ≥0.91 (Table 3).

Fig. 2 a Subject 1 (S1): representative axial 7 T MR image of the wrist
(TR/TE=20/5.1 m s, 0.169 × 0.169 mm, 0.5 mm slice thickness, 30
axial images acquired in 4 min 6 s). b Subject 2 (S2): same scanning

parameters as for Subject 1. c Subject 3 (S3): same scanning parame-
ters as for Subject 1. d Subject 4 (S4): same scanning parameters as for
Subject 1
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RESEARCH ARTICLE

Quantitative assessment of trabecular bone micro-architecture
of the wrist via 7 Tesla MRI: preliminary results

Gregory Chang · Ligong Wang · Guoyuan Liang ·
James S. Babb · Graham C. Wiggins ·
Punam K. Saha · Ravinder R. Regatte

Received: 27 December 2010 / Revised: 4 April 2011 / Accepted: 5 April 2011 / Published online: 5 May 2011
© ESMRMB 2011

Abstract
Object The goal of this study was to determine the feasibility
of performing quantitative 7 T magnetic resonance imaging
(MRI) assessment of trabecular bone micro-architecture of
the wrist, a common fracture site.
Materials and methods The wrists of 4 healthy subjects
(1 woman, 3 men, 28±8.9 years) were scanned on a 7 T whole
body MR scanner using a 3D fast low-angle shot (FLASH)
sequence (TR/TE=20/4.5 m s, 0.169×0.169×0.5 mm). Tra-
becular bone was segmented and divided into 4 or 8 angular
subregions. Total bone volume (TBV), bone volume fraction
(BVF), surface-curve ratio (SC), and erosion index (EI) were
computed. Subjects were scanned twice to assess measure-
ment reproducibility.
Results Group mean subregional values for TBV, BVF,
SC, and EI (8 subregion analysis) were as follows: 8489 ±
3686, 0.27 ± 0.045, 9.61 ± 6.52; and 1.43 ± 1.25. Within
each individual, there was subregional variation in TBV, SC,
and EI (>5%), but not BVF (<5%). Intersubject variation
(≥12%) existed for all parameters. Within-subject coeffi-
cients of variation were ≤10%.
Conclusion This is the first study to perform quantitative 7 T
MRI assessment of trabecular bone micro-architecture of the
wrist. This method could be utilized to study perturbations

G. Chang (B) · L. Wang · J. S. Babb · G. C. Wiggins ·
R. R. Regatte
Quantitative Multinuclear Musculoskeletal Imaging Group,
Center for Biomedical Imaging, Department of Radiology,
NYU Langone Medical Center, 660 First Avenue, 4th Floor,
New York, NY 10016, USA
e-mail: gregory.chang@nyumc.org

G. Liang · P. K. Saha
Departments of Radiology and Electrical and Computer Engineering,
3414 Seamans Center for the Engineering Arts and Sciences,
The University of Iowa, Iowa City, IA 52242, USA

in bone structure in subjects with osteoporosis or other bone
disorders.

Keywords MRI · 7 Tesla · Ultra high field · Wrist ·
Trabecular bone · Micro-architecture · Osteoporosis

Introduction

Osteoporosis affects 10 million Americans resulting in 2 mil-
lion fractures per year and $17 billion in direct annual costs
for fracture care [1]. The United States National Institutes
of Health has defined it as a skeletal disorder characterized
by compromised bone strength predisposing a person to an
increased risk of fracture [2]. Although areal bone mineral
density (BMD), as measured by dual-energy x-ray absorpti-
ometry (DEXA) is the current standard-of-care test utilized
to diagnose osteoporosis, it has limitations. For example,
DEXA cannot account for other properties of bone that con-
tribute to its ability to resist deformation, such as its geome-
try and micro-architecture. Indeed, only 50% of the variation
in whole bone strength is attributable to variation in BMD
[3,4]. Furthermore, because DEXA is a 2-dimensional tech-
nique in which photons are projected onto a planar surface,
BMD measurements can be rendered inaccurate secondary
to vascular calcifications or osteophytes that overlie bone.

Over the last decade, high resolution (<0.2 mm in-plane)
imaging techniques have proven to be powerful methods to
identify the perturbations in trabecular bone micro-archi-
tecture in subjects with osteoporosis [5–8]. High resolution
peripheral quantitative computed tomography (HRpQCT)
can allow imaging of the distal radius and distal tibia with
up to 81 micron isotropic voxel size [7,8]. Magnetic reso-
nance imaging (MRI), though unable to match the resolu-
tion of HRpQCT, can still image trabecular bone with up

123
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Imaging other nuclei

inverted due to its short T!
2, but from relaxation measurements we

can see that 55% of the signal comes from the long T!
2 component,

which seems to contradict the previous statement. We can also
note that the T1 of the cadaver cartilage is very close to the Agar
gel T1 " 26 ms, which could confirm the fact that the cadaver tissue
has little fluid (as fluid T1 " 40 ms).This problem has no conse-
quences for the conclusions of this present study, and in vivo mea-
surements of the relaxation times are now under investigation so
that the human knee cadaver is not needed for future studies.

3.5. In vivo experiments

Due to SAR limitations during the in vivo experiments, it was
impossible to apply a WURST pulse of 250 Hz and 10 ms while

keeping the same total time of acquisition for all the experiments
(16:50 min), therefore a WURST pulse of 220 Hz and 8 ms was
applied, leading to a scanner-reported SAR in the range 90–99%
depending on the volunteers. SAR is reduced by "60% when
going from a 250 Hz/10 ms to a 220 Hz/8 ms WURST pulse. For
the IR RECT sequence with a 1 ms inversion pulse, SAR was also
in the range 90–99%. Without IR, SAR was in the range of 35–
40%. When asked after the experiments, none of the volunteers
felt any RF heating in the knee area during the sequences
applications.

From the in vivo experiments, as shown in Table 2, the sup-
pression of the fluid sodium signal is smaller (76% and 79%,
respectively for IR RECT and IR WURST) than expected from sim-
ulation. The signal loss in the cartilage was also smaller (43% for

Fig. 6. Transverse (top row), coronal (middle row) and sagittal (bottom row) sodium images of the knee joint of a volunteer at 7T. The total acquisition time of the 3D radial
sequence without inversion and IR with rectangular pulse was 16:50 min. The WURST inversion pulse had an amplitude of 240 Hz and duration 10 ms, but due to SAR
limitations, the TR was extended to 145 ms, leading to a total time of acquisition of the adiabatic IR sequence of 24:30 min. The images are averaged over two slices for better
visualization. The same range scaling is applied to all the images. The coronal slice is represented by the horizontal yellow line drawn on the transverse image. The sagittal
slice was chosen to pass through the PBS tube in order to show the strong suppression inhomogeneities of the rectangular inversion pulse (vertical yellow line). Note the
uniform and complete fluid suppression with theWURST inversion pulse in the PBS tube and the very non-uniform fluid attenuation obtained with the rectangular pulse. (For
interpretation of the references to color in this figure legend, the reader is referred to the web version of this article.)

G. Madelin et al. / Journal of Magnetic Resonance 207 (2010) 42–52 49

Sodium inversion recovery MRI of the knee joint in vivo at 7T
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aCenter for Biomedical Imaging, New York University Medical Center, New York, NY, USA
bChemistry Department, New York University, New York, NY 10012, USA
cNIH, Bethesda, MD, USA

a r t i c l e i n f o

Article history:
Received 29 April 2010
Revised 6 August 2010
Available online 13 August 2010

Keywords:
Osteoarthritis
Cartilage
Sodium
Magnetic resonance imaging
Inversion recovery
Adiabatic inversion

a b s t r a c t

The loss of proteoglycans (PG) in the articular cartilage is an early signature of osteoarthritis (OA). The
ensuing changes in the fixed charge density in the cartilage can be directly linked to sodium concentra-
tion via charge balance. Sodium ions in the knee joint appear in two pools: in the synovial fluids or joint
effusion where the ions are in free motion and bound within the cartilage tissue where the Na+ ions have
a restricted motion. The ions in these two compartments have therefore different T1 and T2 relaxation
times. The purpose of this study is to demonstrate the feasibility of a fluid-suppressed 3D ultrashort
TE radial sodium sequence by implementing an inversion recovery (IR) preparation of the magnetization
at 7T. This method could allow a more accurate and more sensitive quantification of loss of PG in patients
with OA. It is shown that adiabatic pulses offer significantly improved performance in terms of robust-
ness to B1 and B0 inhomogeneities when compared to the hard pulse sequence. Power deposition consid-
erations further pose a limit to the RF inversion power, and we demonstrate in simulations and
experiments how a practical compromise can be struck between clean suppression of fluid signals and
power deposition levels. Two IR sequences with different types of inversion pulses (a rectangular pulse
and an adiabatic pulse) were tested on a liquid phantom, ex vivo on a human knee cadaver and then
in vivo on five healthy volunteers, with a (Nyquist) resolution of !3.6 mm and a signal-to-noise ratio
of !30 in cartilage without IR and !20 with IR. Due to specific absorption rate limitations, the total acqui-
sition time was !17 min for the 3D radial sequence without inversion or with the rectangular IR, and
24:30 min for the adiabatic IR sequence. It is shown that the adiabatic IR sequence generates a more uni-
form fluid suppression over the whole sample than the rectangular IR sequence.

! 2010 Elsevier Inc. All rights reserved.

1. Introduction

Osteoarthritis (OA) is a degenerative cartilage disease and is a
leading cause of chronic disability. It is clinically characterized by
joint pain, tenderness, limitation of movement, crepitus, occasional
effusion and variable degrees of local inflammation. The World
Health Organization (WHO) estimates that worldwide !10% of
men and !18% of women over 60 years of age have symptomatic
OA [1] and that 80% of those with OA will have limitations in
movement and 25% cannot perform their major daily activities of
life.

Articular cartilage is a dense connective tissue that consists
mainly of an extracellular matrix (ECM) composed of collagen
(15–20%), proteoglycan (PG, 3–10%) and water (65–80%). Biochem-

ically, OA is associated with reduction of PG content, increase of
water content and change in the arrangement of collagen mole-
cules. There is currently no cure for OA, but some therapeutic
modalities exist that are generally more useful in the early stages
of the disease. An early detection of OA and an accurate method
for quantifying the effects of treatments under investigation are
therefore of fundamental importance. Although plain radiography
is the most common technique for the diagnosis of OA in the knee,
magnetic resonance imaging (MRI) is the most promising tech-
nique because it offers better soft tissue contrast and allows a
non-invasive evaluation of cartilage morphology and function.
Also, quantitative MRI methods such as T1q relaxometry [2], T2
relaxometry [3], Gd contrast enhanced T1 relaxometry [4], gagCEST
[5] and sodiumMRI [6] are capable of characterizing the changes in
the molecular composition in the ECM of cartilage and can help in
the diagnosis of early OA prior to the appearance of irreversible
morphological changes [7].

It has been shown that the loss of PG is a signature of early OA
and that sodium concentration correlates linearly with PG concen-
tration in cartilage [8–11]. PG is a complex molecule composed of
sulfate and carboxylate groups whose negative charges endow the

1090-7807/$ - see front matter ! 2010 Elsevier Inc. All rights reserved.
doi:10.1016/j.jmr.2010.08.003
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image blurring. In addition, there are signal voids in the
anterior region of the brainstem, close to the midline.
The same slice acquired with rs-EPI (shown on the right
side of Fig. 1) shows substantially less signal loss and
reduced blurring, with a higher level of anatomical
detail, despite having the same nominal spatial resolu-
tion. As shown in Fig. 2, increasing the number of read-
out segments from 9 to 15 made it possible to acquire
detailed, high-resolution, trace-weighted images with an
in-plane resolution of 0.7 mm.

Two slices from a single average of a DTI acquisition
using protocol A are shown in Fig. 3 and the results of
the corresponding DTI analysis of the 12 direction data
set are shown in Fig. 4. A color-coded fractional anisot-
ropy (FA) map with overlaid vector-orientation (left side
of Fig. 4) shows the radial anisotropy in several cortical
regions. The corresponding anatomical image is shown
on the right side of Fig. 4. Enlarged stions show the right
precentral gyrus and the central sulcus. The gray–white
matter interface in the precentral gyrus is outlined to
emphasize the radial nature of the anisotropy in the cor-
tex. Another DTI example acquired with protocol B with

20 diffusion-weighting directions is given in Fig. 5. Two
groups of voxels with distinct diffusion orientations can
be identified in the anterior limb of the internal capsule.
The main bundle is oriented along the inferior–superior
direction (blue), crossed by several bands of voxels with
medial–lateral diffusion orientation (red). The structure
crossing the main bundle corresponds to the striatal cell
bridges between the caudate nucleus and the putamen.

DISCUSSION

ss-EPI at ultra-high field strength suffers from geometric
distortions and image blurring, even when parallel imag-
ing is used to shorten the EPI readout train, as clearly
seen on the left side of Fig. 1. The acceleration factor of 3
is insufficient to address these problems. Severe distor-
tions are prominent not only in the frontal lobe close to
the paranasal sinuses but also close to the brainstem.
Image blurring prevents the red nuclei in the ss-EPI acqui-
sition from being seen clearly, whereas they are clearly
depicted in the rs-EPI image on the right side of Fig. 1
(highlighted by an arrow on the right side of the image).

FIG. 2. High-resolution multi-
shot images, acquired using
readout-segmented EPI with a
nominal pixel size of 0.7 mm !
0.7 mm ! 3.0 mm and a b-value
of 1000 s/mm2.

FIG. 3. Readout-segmented EPI
images for one diffusion gradient
direction and one average; taken
from the DTI data set obtained
with protocol A.
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Diffusion Imaging in Humans at 7T Using
Readout-Segmented EPI and GRAPPA

Robin M. Heidemann,1* David A. Porter,2 Alfred Anwander,1 Thorsten Feiweier,2

Keith Heberlein,2 Thomas R. Knösche,1 and Robert Turner1

Anatomical MRI studies at 7T have demonstrated the ability
to provide high-quality images of human tissue in vivo. How-
ever, diffusion-weighted imaging at 7T is limited by the
increased level of artifact associated with standard, single-
shot, echo-planar imaging, even when parallel imaging techni-
ques such as generalized autocalibrating partially parallel
acquisitions (GRAPPA) are used to reduce the effective echo
spacing. Readout-segmented echo-planar imaging in conjunc-
tion with parallel imaging has the potential to reduce these arti-
facts by allowing a further reduction in effective echo spacing
during the echo-planar imaging readout. This study demon-
strates that this approach does indeed provide a substantial
improvement in image quality by reducing image blurring and
susceptibility-based distortions, as well as by allowing the
acquisition of diffusion-weighted images with a high spatial
resolution. A preliminary application of the technique to high-
resolution diffusion tensor imaging provided a high level of
neuroanatomical detail, which should prove valuable in a wide
range of applications. Magn Reson Med 64:9–14, 2010.
VC 2010 Wiley-Liss, Inc.
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MRI of humans at 7T can provide highly detailed ana-
tomical brain images and perform localized functional
MRI with very high spatial resolution. However, it
remains a challenge to acquire good-quality diffusion-
weighted (DW) images at ultra-high field strengths. Sin-
gle-shot echo-planar imaging (ss-EPI) is well established
as the method of choice for DW imaging and therefore
for diffusion tensor imaging (DTI). This is due to its low
sensitivity to the motion-induced phase errors that occur
during diffusion sensitization of the MR signal. However,
ss-EPI is prone to artifacts related to susceptibility
changes at tissue interfaces and has a limited spatial re-
solution due to T2* relaxation. Parallel imaging can be
used to improve the image quality of ss-EPI acquisitions
(1), but there are still significant limitations, particularly
at higher field strength. Susceptibility effects and T2*
blurring increase with field strength, and therefore paral-
lel imaging techniques with high acceleration factors
(greater than 4) are necessary to address these problems

for high-resolution DW imaging and DTI (2). The shorter
T2 of brain tissue at 7T presents further difficulties by
limiting the acquisition of data at long echo times (TEs).
At lower field strengths, improved image quality has
been demonstrated in several studies using a variety of
multi-shot DW sequences, which correct for the shot-to-
shot, spatially varying phase errors caused by cardiac
pulsation during diffusion preparation (3–6). An addi-
tional technique that can be used with nonlinear phase
correction is readout-segmented echo-planar imaging (rs-
EPI). Following an initial description by Robson et al.
(7), the method was further developed in subsequent
work to include two-dimensional (2D) navigator correc-
tion, parallel imaging, and navigator-based reacquisition
(8). This study and related work (9) have demonstrated
that this approach can produce high-resolution DW
images with a robust correction for motion-induced
phase errors.

In the current study, this approach is applied to the
acquisition of DW images at 7T. The technique is
attractive at this field strength due to the small number
of radiofrequency refocusing pulses, giving lower power
deposition (specific absorption rate SAR) and reduced
sensitivity to B1 inhomogeneity compared to turbo-
spin-echo based sequences. Previous studies at lower
field strengths have shown that rs-EPI with parallel
imaging and a 2D navigator-based reacquisition (8) sub-
stantially improves the image quality when compared
to standard ss-EPI protocols with parallel imaging. The
aim of this study was to investigate whether the same
approach can be used to address the more severe level
of artifact seen in DW ss-EPI at 7T.

MATERIALS AND METHODS

All experiments were performed on a 7T whole-body
MR scanner (MAGNETOM 7T; Siemens Healthcare Sec-
tor, Erlangen, Germany), using a 24-element phased
array head coil (Nova Medical, Wilmington, MA). Scans
were performed on two healthy volunteers and
informed consent was obtained before each study.
Multi-shot DW images were acquired using the rs-EPI
sequence in conjunction with 2D navigator correction
and parallel imaging (8). The sequence also used a data
reacquisition scheme that was based on an idea origi-
nally proposed by Nguyen et al. (10) in the context of
one-dimensional navigators. In the current study, the
2D navigator data in k-space were used during the mea-
surement to control the reacquisition of readout seg-
ments with phase errors at high spatial frequency,
which cannot be removed by the standard 2D navigator
phase correction. This procedure, which is described in
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image blurring. In addition, there are signal voids in the
anterior region of the brainstem, close to the midline.
The same slice acquired with rs-EPI (shown on the right
side of Fig. 1) shows substantially less signal loss and
reduced blurring, with a higher level of anatomical
detail, despite having the same nominal spatial resolu-
tion. As shown in Fig. 2, increasing the number of read-
out segments from 9 to 15 made it possible to acquire
detailed, high-resolution, trace-weighted images with an
in-plane resolution of 0.7 mm.

Two slices from a single average of a DTI acquisition
using protocol A are shown in Fig. 3 and the results of
the corresponding DTI analysis of the 12 direction data
set are shown in Fig. 4. A color-coded fractional anisot-
ropy (FA) map with overlaid vector-orientation (left side
of Fig. 4) shows the radial anisotropy in several cortical
regions. The corresponding anatomical image is shown
on the right side of Fig. 4. Enlarged stions show the right
precentral gyrus and the central sulcus. The gray–white
matter interface in the precentral gyrus is outlined to
emphasize the radial nature of the anisotropy in the cor-
tex. Another DTI example acquired with protocol B with

20 diffusion-weighting directions is given in Fig. 5. Two
groups of voxels with distinct diffusion orientations can
be identified in the anterior limb of the internal capsule.
The main bundle is oriented along the inferior–superior
direction (blue), crossed by several bands of voxels with
medial–lateral diffusion orientation (red). The structure
crossing the main bundle corresponds to the striatal cell
bridges between the caudate nucleus and the putamen.

DISCUSSION

ss-EPI at ultra-high field strength suffers from geometric
distortions and image blurring, even when parallel imag-
ing is used to shorten the EPI readout train, as clearly
seen on the left side of Fig. 1. The acceleration factor of 3
is insufficient to address these problems. Severe distor-
tions are prominent not only in the frontal lobe close to
the paranasal sinuses but also close to the brainstem.
Image blurring prevents the red nuclei in the ss-EPI acqui-
sition from being seen clearly, whereas they are clearly
depicted in the rs-EPI image on the right side of Fig. 1
(highlighted by an arrow on the right side of the image).

FIG. 2. High-resolution multi-
shot images, acquired using
readout-segmented EPI with a
nominal pixel size of 0.7 mm !
0.7 mm ! 3.0 mm and a b-value
of 1000 s/mm2.

FIG. 3. Readout-segmented EPI
images for one diffusion gradient
direction and one average; taken
from the DTI data set obtained
with protocol A.
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increased number of echoes in the echo train). In con-
trast, with the ss-EPI sequence, a longer echo spacing is
required when the resolution in the readout direction is
increased, so that the duration of the EPI readout and
consequently the TE increase more rapidly with in-
creasing spatial resolution.

The prototype sequence and image reconstruction pro-
gram used in this preliminary study require further de-
velopment to make it possible to acquire and process the
large volumes of raw data that are generated by high-
resolution, multi-shot DTI, using a large number of re-
ceiver channels and diffusion directions. The current li-
mitation is due to the specific implementation of the
reacquisition algorithm, which makes it necessary to
keep the whole raw data set in the computer memory
during image reconstruction, so that severely corrupted
data sets can be easily replaced with less corrupted reac-
quired data, which are measured at the end of the scan.
For the MR scanner used in this study, this restricted the
amount of raw data to about 4 GB. Clearly, this limita-
tion could be addressed by adding additional memory to
the image reconstruction computer. However, a more ele-
gant strategy may be to adopt a ‘‘sliding-window’’
approach, in which the reacquisition is performed at
intervals during the scan, so that some images can be
calculated before the end of the measurement and the
corresponding raw data can be deleted. This approach
would have the additional advantage of reducing the

image calculation time at the end of the scan and would
also reduce motion artifacts that might arise in long
acquisitions due to the interval between the original and
the reacquired data sets. Once these developments have
taken place, the rs-EPI method should allow detailed
DW imaging studies to be extended to larger regions of
the brain, using high-isotropic spatial resolution and a
large number of diffusion directions.

In conclusion, readout-segmented EPI with GRAPPA
and a 2D navigator-based reacquisition enables high-
quality DW images to be acquired at 7T, which are well
suited to high-resolution DTI applications. The resulting
diffusion tensor data will permit the detailed study of
neuroanatomy in future work.
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FIG. 5. Color-coded FA with over-
laid vector orientation (left) and cor-
responding trace-weighted image
with a b-value of 1000 s/mm2

(right). Bottom: The enlarged sec-
tions show the internal capsule.

Diffusion Imaging at 7T using Readout-Segmented EPI and GRAPPA 13

A second arrow (on the left side of the rs-EPI image) high-
lights the anterior commissure, which can be identified
connecting the two cerebral hemispheres across the mid-
line. This structure cannot be seen in the ss-EPI image
because of the signal voids. This study has also shown
that rs-EPI can be used to acquire high-resolution, DW
images with a high level of anatomical detail, such as the
depiction of the optic radiation in the images of Fig. 2.

The non-averaged base images from the DTI studies
(Fig. 3) show a high level of anatomical detail, which is
also evident in the derived FA maps of Fig. 4. In these
FA maps, it is possible to clearly identify the radial ani-
sotropy in the cortex. Although this has been observed
in previous studies, it is rarely observed in such a uni-
form manner across a large region of cortex. This is
depicted in the color-coded FA map with overlaid vector
orientations (left side of Fig. 4). The corresponding anat-
omy is in good alignment with the color-coded FA map,
as shown in the enlarged sections where the gray–white
matter interface, determined from the structural scans, is
outlined on both images. The second DTI example (Fig.
5), acquired with protocol B, using 20 diffusion-weight-
ing directions, also shows detailed neuroanatomical
structure, such as the two populations of voxels with

distinct diffusion orientation in the anterior limb of the
internal capsule.

All DW imaging studies were performed with a
b-value of 1000 s/mm2. Larger b-values could be used,
but this would result in a longer TE, which is espe-
cially problematic at ultra-high field strength due to the
relatively low T2 values, unless a higher diffusion gra-
dient strength can be used to reduce the duration of
the diffusion preparation. In this context, the rs-EPI
sequence has the advantage over ss-EPI of a much
shorter echo spacing, which results in a corresponding
reduction in TE when the same resolution and phase-
encoding partial Fourier factors are used. The rs-EPI
protocols used in this study used a full k-space acquisi-
tion, which for the comparison with ss-EPI resulted in
the same TE as the ss-EPI protocol with a partial Fou-
rier factor of 0.75. At higher spatial resolutions, there
are further benefits to the rs-EPI sequence because the
increased resolution in the readout direction can be
achieved by increasing the number of shots without
changing the echo spacing. The duration of the EPI
readout is therefore independent of the resolution in
the readout direction and varies linearly with the reso-
lution in the phase-encoding direction (according to the

FIG. 4. Color-coded FA with overlaid vector orientation (left) and corresponding anatomy (right). Bottom: Enlarged sections showing the
precentral gyrus with the gray–white matter interface outlined in yellow.
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FIG. 1. A: single piezo-electric stimulator device. The gray arrow indicates the protruding tip which is applied to skin (!1 mm thickness); direction of
movement is in and out of the plane. B: illustration of the traveling wave paradigm. Vibrotactile stimuli were applied to the fingertips in “forward” ordering from
thumb to little finger or “backward” ordering from little finger to thumb. The backward scans can be time reversed and time-shifted to cancel any residual
hemodynamic lag. C: illustration of expected temporal delays in functional magnetic resonance imaging (fMRI) responses in traveling wave paradigm due to
the effect of hemodynamics and experimental design. I: timing diagram for the forward sequence. For voxels responding to stimulation of digit 1, the only delay
(w.r.t. the onset of cycle) is due to hemodynamics ("ph). The additional arrow indicates this delay. Ii: timing diagram for the backward sequence, again with
additional arrow indicating the delay ("ph). Iii: time-reversal of the backward sequence leading to reversal of the inherent hemodynamic delay. The asymmetry
in the stimulation paradigm (3 s stimulation is followed by an 1.8 s off period) results in the sequence being delayed (or biased) by 1.8 s. iv: summary of the
effects of hemodynamic delay and bias due to the stimulation paradigm. If the time series are simply averaged, the resulting time course will retain a delay (of
magnitude "bias/2). To remedy this, we advance the phase values of the time-reversed backward scan by 1.8 s giving the difference between the 2 phase values
for a given region of interest (ROI) equal to twice the inherent hemodynamic delay.
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Sanchez-Panchuelo RM, Francis S, Bowtell R, Schluppeck D.
Mapping human somatosensory cortex in individual subjects with 7T
functional MRI. J Neurophysiol 103: 2544–2556, 2010. First pub-
lished February 17, 2010; doi:10.1152/jn.01017.2009. Functional
magnetic resonance imaging (fMRI) is now routinely used to map the
topographic organization of human visual cortex. Mapping the de-
tailed topography of somatosensory cortex, however, has proven to be
more difficult. Here we used the increased blood-oxygen-level-depen-
dent contrast-to-noise ratio at ultra-high field (7 Tesla) to measure the
topographic representation of the digits in human somatosensory
cortex at 1 mm isotropic resolution in individual subjects. A “traveling
wave” paradigm was used to locate regions of cortex responding to
periodic tactile stimulation of each distal phalangeal digit. Tactile
stimulation was applied sequentially to each digit of the left hand from
thumb to little finger (and in the reverse order). In all subjects, we
found an orderly map of the digits on the posterior bank of the central
sulcus (postcentral gyrus). Additionally, we measured event-related
responses to brief stimuli for comparison with the topographic map-
ping data and related the fMRI responses to anatomical images
obtained with an inversion-recovery sequence. Our results have im-
portant implications for the study of human somatosensory cortex and
underscore the practical utility of ultra-high field functional imaging
with 1 mm isotropic resolution for neuroscience experiments. First,
topographic mapping of somatosensory cortex can be achieved in 20
min, allowing time for further experiments in the same session.
Second, the maps are of sufficiently high resolution to resolve the
representations of all five digits and third, the measurements are
robust and can be made in an individual subject. These combined
advantages will allow somatotopic fMRI to be used to measure the
representation of digits in patients undergoing rehabilitation or plastic
changes after peripheral nerve damage as well as tracking changes in
normal subjects undergoing perceptual learning.

I N T R O D U C T I O N

High resolution measurements of the somatotopic mapping
of the hand in human cerebral cortex are important for under-
standing disturbed sensory representations in neurological dis-
orders (Butterworth et al. 2003) and for tracking cortical
re-organization in rehabilitation following peripheral nerve
damage or stroke. Precise knowledge of the spatial layout of
primary somatosensory cortex (S1) is also crucial for under-
standing how top-down influences, such as attention, modulate
sensory inputs to cortex.

Penfield was the first to map human somatosensory cortex
perioperatively (Penfield and Boldrey 1937). With the advent
of noninvasive neuroimaging techniques, such as functional
magnetic resonance imaging (fMRI), these early measurements

are being revisited. Several fMRI studies have investigated the
cortical representation of the hand using pneumatic or piezo-
electric stimuli applied to the glabrous skin of the fingertips
(Duncan and Boynton 2007; Francis et al. 2000; Huang and
Sereno 2007; Overduin and Servos 2008; Schweizer et al.
2008; Weibull et al. 2008). However, the spatial resolution of
the cortical maps produced in most of these studies is limited
by the use of large voxel sizes or normalization and averaging
of results across subjects (Francis et al. 2000; Gelnar et al.
1998; Kurth et al. 2000; Maldjian et al. 1999; Nelson and Chen
2008; Overduin and Servos 2008; Weibull et al. 2008).

Ultra-high magnetic field (7T) provides access to fMRI data
with high-spatial resolution and high signal-to-noise ratio
(SNR). Resolution is particularly important when studying
somatosensory cortex as maps of the body surface in S1 (even
the relatively over-represented maps of the finger tips) are
small, and the postcentral gyrus (PCG) is prone to significant
partial volume effects (PVE) due to its large surface-to-volume
ratio (Scouten et al. 2006) and narrow width (Fischl and Dale
2000) as well as the interdigitation of the pre- and postcentral
gyri (White et al. 1997). Achieving high-spatial resolution
generally means compromising blood-oxygenation-level-de-
pendent (BOLD) contrast-to-noise ratio (CNR), volume cov-
erage, or temporal resolution. Statistical power can thus be-
come limiting at lower field, particularly for sensory tasks
where the BOLD signal is low in comparison with visual and
motor tasks, even with a large number of repeated measure-
ments (Schweizer et al. 2008).

7T provides increased BOLD sensitivity (Gati et al. 1997;
Van der Zwaag et al. 2009; Yacoub et al. 2001), which can be
exploited to improve the spatial resolution and/or reduce the
number of trials. Higher spatial specificity can also be achieved
in gradient echo (GE) BOLD data at 7T due to the attenuation
of intravascular signal from veins (Gati et al. 1997; Ogawa
et al. 1998; van der Zwaag et al. 2009; Yacoub et al. 2001).
However, the extravascular signal from venules and large veins
that immediately drain the capillary bed may still cause some
spread of the BOLD response.

Here we used fMRI at ultra-high field (7 T) to generate
complete high-resolution maps of the digit representations in
the primary somatosensory cortex (S1) in individual subjects.
We aimed to maximize efficiency in mapping all five digits and
to assess the use of a “traveling wave” paradigm as has been
widely applied to retinotopic mapping (Engel et al. 1994, 1997;
reviewed in Wandell et al. 2007); a similar approach was first
used in the somatosensory system to map the ventral surface of
the left arm (Servos et al. 1998). In addition, we validated the
traveling wave activity against a simple event-related protocol,
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ment. The uncorrected hemodynamic lag estimated from the trav-
eling wave data is shown in Table 3. The event-related study
provided an independent estimate of the hemodynamic delay in
each voxel, and so for two subjects, we compared the average
hemodynamic delay estimated from the event-related data to that
obtained from the traveling wave analysis (Table 3) using the
methods and correction described in Fig. 7. The uncorrected
hemodynamic lag estimated from the traveling wave data is
significantly shorter than that measured from the event-related
paradigm.

Assessing systematic errors arising using Fourier analysis to
estimate hemodynamic lag

The method of estimating the hemodynamic lag from the
traveling wave data relies on the assumption that the fMRI time
series can be well approximated by a sinusoidal function the
period of which equals the length of the cycle (24 s) and that
the hemodynamic delay and phase of the fitted sinusoidal

response are tightly coupled. Here we perform a simulation to
assess any potential bias in the estimation of the hemodynamic
lag from traveling wave data.

Traveling wave signals were simulated using the timing of
stimulus delivery and a model of the HRF, H(t), formed from
the sum of two gamma functions (Friston et al. 1998)

H!t" ! ! t

d1
" a1

exp#"!t " d1"

b1
$ " c! t

d2
"a2

exp#"!t " d2"

b2
$ (1)

where d1 # a1b1 and d2 # a2b2. Data were simulated for a
range of HRF time-to-peak (TTP) values by varying parameter
a1 from 3 to 9 while other parameters were fixed at a2 # 2; a1;
b1 # 0.9 s; b2 # 0.9 s; c # 0.35 (Glover 1999) (Fig. 7D). The
simulated data were then analyzed using the Fourier-method
and the corresponding TTP of the hemodynamic delay was
estimated. Based on this analysis, we calculated a correction
factor for the traveling wave data. Figure 7 shows the steps of
the simulation for digit 1. The fMRI time series is simulated

2
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FIG. 3. A: location of the imaging stack for zoomed fMRI (red) superimposed on MPRAGE scan for a representative subject. The gray shaded area indicates the
location of the outer volume suppression slab and the blue lines show the location of the shim box. B: single slice of the MPRAGE image (1 mm isotropic MPRAGE)
collected in the same location as the T2*-weighted EPI data. The red line indicates the location of central sulcus, the green box the cropping used in E. C: mean T2*
weighted EP image obtained by averaging 100 repeats of 1 functional MRI scan; because fMRI data contain slight residual geometric distortions with respect to the
MPRAGE images, statistical images are superimposed on the average EPI data. Red line, as in B. D: statistical map superimposed on mean EPI image. Transparent
colors, coherence with best-fitting sinusoid at frequency of stimulus paradigm. Note values close to 1, indicating high statistical significance. Left: no thresholding applied.
Right: statistical image obtained with threshold-free cluster enhancement, TFCE. E: statistical map (from the average of 6 scans) superimposed on mean T2*-weighted
EPI data for all slices in stack. Axial slices are numbered from most superior (1) to most inferior (22). Colors indicate the phase values from traveling wave paradigm.
Note that the statistical map is thresholded based on application of TFCE to the coherence map (see D). For this subject, the ROI contained 1,998 voxels. The mean
coherence value was 0.53 $ 0.13 (minimum-to-maximum range: 0.35–0.94), the mean fMRI response amplitude across all voxels 3.28 $ 3.2% (range: 0.72–21.38),
and the mean raw image intensity of the EP image was 22,434 $ 6,957 (range: 4,014–50,071).
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where the only differencewas the scanduration (due to the EPI factor).
The imaging parameters are given in Table 1. The noise level was
measured by repeating the data acquisition with the same receiver
gain and bandwidth for data sampling, without applying any RF or
gradient pulses. The EPI scan was repeated multiple times in dynamic
mode, in order to obtain a steady state signal for correct comparison of
the SNR level between EPI and GRE imaging. The 2D EPI and GRE
imageswere used tomeasure the SNR in an ROI covering the complete
brain. The noise level was quantified as the standard deviation in a
corresponding ROI in the image with sampled noise.

Results

The image quality was consistent for all volunteers for both the 3D
EPI and the 3D GRE protocol. The remarkable improvements in both
coverage and SNR that are obtained with the 3D EPI protocol are
illustrated in Fig. 1. Note the clear depiction of the cerebellum, and the
clear visualization of the hippocampus in the 3D EPI images. The
contrast in both the magnitude and phase images between GM and
WM was similar between 3D EPI and 3D GRE, as shown in Table 2.
Figs. 2 and 3 illustrate the improved image SNR with 3D EPI, for
sample areas in the basal ganglia and the visual cortex. The higher SNR
in the 3D EPI magnitude images yields improved visualization of
tissue borders, for example between white matter and the putamen,
hippocampus and substantia nigra (Fig. 2). Also the optic radiations
are delineated more clearly as they fuse into the primary visual cortex
(Fig. 3). In analogy to the magnitude images, the higher SNR obtained
with 3D EPI yields clearer phase images, which allows enhanced
visualization of subtle details such as the line of Gennari in the visual

cortex (Fig. 3). Artifacts from incomplete phase unwrapping are
similar between both protocols, e.g. posteriorly around the edges of
the cortex (Figs. 2 and 3).

Maximum image distortions measured in the 3D EPI images, were
2.2±0.5 mm and 1.1±0.2 mm for the slice corresponding to the
lowest and highest slice in the 3D GRE volume, respectively. The
maximum distortion was usually observed as a very localized
distortion (as illustrated in Fig. 4). In many cases, particularly away
from bone/air-tissue interfaces, the distortion (if present) was less
than 0.5 mm (pixel size). An example of the distortion is given in
Fig. 4. In the slices close to the skull base, the border between GM and
WM appeared less sharp in the EPI images, as can be seen in the
frontal area above the nasal cavities in Fig. 1.

The2DEPI images had similar SNR(15.8±0.6) as the 2DGRE images
(14.9±0.5) (mean±standard deviation across subjects, n=8), despite
the fact that they were acquired 13 times faster. Hence, the SNR

Fig. 1.Magnitude images of the 3D EPI protocol (A: transverse, B: sagittal, C: coronal orientation), showing the gain in coverage and SNR as compared to the 3D GRE imaging protocol
(D, E and F). Note that the EPI and GRE images are acquired with the same scan duration and resolution. The dotted lines indicate the perpendicular cross-sections of the different
orientations. Some blurring can be seen for the GM just above the nasal cavity in panel B.

Table 2
Contrast between GM and WM for both 3D EPI and 3D GRE images.

3D EPI
magnitude

3D GRE
magnitude

3D EPI phase
(Hz)

3D GRE phase
(Hz)

CG vs.aCC 1.7±0.2 1.7±0.2 −0.3±0.7 −0.2±0.5
Pt vs. IC 0.8±0.1 0.8±0.1 −2.6±0.4 −2.4±0.5
GMvc vs. WMvc 1.2±0.2 1.1±0.1 −3.4±1.0 −3.5±1.2

CG: cingulated gyrus, CC: corpus callosum, Pt: putamen, IC: internal capsule, GMvc/WMvc:
gray matter/white matter of visual cortex.

a For magnitude: ratio of gray matter signal over white matter signal, for phase:
difference in phase, expressed as a frequency difference (using TE=27ms).
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Magnetic susceptibility based (T2* weighted) contrast in MRI at high magnetic field strength is of great value
in research on brain structure and cortical architecture, but its use is hampered by the low signal-to-noise
ratio (SNR) efficiency of the conventional spoiled gradient echo sequence (GRE) leading to long scan times
even for a limited number of slices. In this work, we show that high resolution (0.5 mm isotropic) T2*
weighted images of the whole brain can be obtained in 6 min by utilizing the high SNR efficiency of
echo-planar imaging (EPI). A volumetric (3D) EPI protocol is presented and compared to conventional 3D GRE
images acquired with the same resolution, amount of T2* weighting, and imaging duration. Spatial coverage in
3D EPI was increased by a factor of 4.5 compared to 3D GRE, while also the SNR was increased by a factor of 2.
Image contrast for both magnitude and phase between gray and white matter was similar for both sequences,
with enhanced conspicuity of anatomic details in the 3D EPI images due to the increased SNR. Even at 7 T,
image blurring and distortion is limited if the EPI train length remains short (not longer than the T2* of the
imaged tissue). 3D EPI provides steps (speed, whole brain coverage, and high isotropic resolution) that are
necessary to utilize the benefits of high field MRI in research that employs T2* weighted imaging.

© 2011 Elsevier Inc. All rights reserved.

Introduction

Magnetic resonance imaging (MRI) with susceptibility-based
contrast at high magnetic field strength has allowed the visualization
of human brain anatomy in vivo with exceptional detail. Variations in
magnetic susceptibility of tissue (manifested as T2* and frequency
variations) yield clear contrast between different anatomical
structures in T2* weighted magnitude images both in white matter
(e.g. fiber bundles (Li et al., 2006)) and gray matter (e.g. basal ganglia
(Cho et al., 2010)). The phase of T2* weighted images is even more
sensitive to magnetic susceptibility variations. Using the phase, it is
possible to depict exquisite details of cortical structure and substruc-
ture, including the line of Gennari in the visual cortex (Duyn et al.,
2007; Fukunaga et al., 2010; Haacke et al., 2005). The magnetic
susceptibility of tissue depends on the presence and arrangement of,
amongst others, lipids, proteins and (non-heme) iron in the tissue
(He and Yablonskiy, 2009; Zhong et al., 2008). T2* weighted imaging
at high field is, therefore, sensitive to the tissue composition at a

cellular level, yielding a powerful tool to study normal and
pathological tissue (Bartzokis et al., 1999; Mainero et al., 2009;
Stankiewicz et al., 2007; van Rooden et al., 2009).

T2* weighted imaging is conventionally performed using a spoiled
gradient echo (GRE) sequence (Haase et al., 1986). At the high
resolutions employed to image structural detail (≪1 mm3 voxel
volume), however, imaging time is long, even for a limited number of
slices (Duyn et al., 2007). As a result, the imaging volume is typically
limited since full brain coverage requires excessively long scan times
of 1 h or more for a single acquisition. This hampers the practical use
of T2* weighted imaging for fundamental research of normal
physiology or disease. Long imaging times are also problematic
because they increase the possibility of subjectmotion during the scan
duration resulting in blurring or unusable images (Versluis et al.,
2010). The long imaging times are due to the relatively low signal-to-
noise ratio (SNR) efficiency of the spoiled GRE sequence. For sufficient
T2* weighting, a long echo time (TE) is needed, which leads to ‘dead’
time in the sequence during which no signal is acquired.

In this work, we show that high resolution T2* weighted images of
the whole brain can be obtained in 6 min based on volumetric (3D)
echo-planar imaging (EPI) by utilizing the high SNR efficiency of EPI
(Mansfield et al., 1976). By using a multi-shot approach with short EPI
train lengths, the common artifacts related to EPI (distortion and
blurring) are limited, and images with a considerable gain in both SNR
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,3.5 times longer scan time. A thorough quantitative evaluation
and optimization of the M-EPI sequence is beyond the scope of
this manuscript, however, we did compare probabilistic fiber
orientation estimation as it depended on the different m6n
accelerations for a HARDI acquisition. Note that we sampled
identical diffusion directions for each acceleration and did not
match the total acquisition time. We found that although with
some accelerations fiber orientation estimation did not perform as
well, due to any corresponding SNR decreases in the accelerated
acquisitions, the acquisition time reductions (2–4 times faster) may
more than offset this by allowing for either shorter scan times or
increased coverage of q-space. These results are summarized in
Table S3.
Resting state networks (RSNs) are patterns of spontaneous

fluctuations that are coherent within functional networks and
distinct across different functional networks [31,32]. RSNs are seen
in BOLD fMRI data through the same neurovascular coupling
that allows task- or stimulus-induced brain activity to be imaged,
and can be found in all grey matter (any single point in the grey
matter being found in one or more RSNs); they are therefore an
effective way to investigate the relative merits of the different
acquisitions. We identified the same set of RSNs in all 3
acquisitions, and then compared the RSN fluctuation amplitudes
(in terms of percent BOLD signal change) and effective SNR
(quantifying this as a t-test that divided the amplitude by the
standard error of the noise).
Figure 5 shows example results from independent component

analysis (ICA) of the resting fMRI datasets. The color overlays
show 5 example RSNs (coded in different colors) from the 3
different acquisitions of subject 2, presented as z-statistic images
(from a multiple regression against a 100-component cross-TR
decomposition of the datasets—see Methods for details), thre-
sholded at Z.4 in all cases. In this central axial slice, the RSNs
shown cover visual areas (pink/blue/green), the default mode
network (red) and a sensori-motor network (yellow). It is clear that

the accelerated sequences display higher functional SNR than the
unaccelerated dataset. Additional RSNs from subject 2 are shown
in Fig. S3.
These differences are quantified in Figure 6. The boxplots are

over all RSNs (i.e., excluding the artefactual components) and over
all 3 subjects. The top row in each sub-figure shows a separate
boxplot for each of the three TRs, and the bottom row shows the
ratio of the 0.8 s and 0.4 s values to the 2.5 s values, the ratio
being calculated separately for each RSN (and each subject) before
feeding into the boxplot. Fig. 6a shows the results from a 100-
dimensional ICA decomposition across all 3 TRs (separately for
each subject) and Fig. 6b shows the results from a 10-dimensional
regression of previously published large-scale RSNs from a
separate study [33].

Peak Z
In the multiple-regression, 100dim analysis, the median ratio of

the 0.8 s and 0.4 s data to the 2.5 s is 1.44 and 1.56 respectively.
For single-regressions, these ratios fall to 0.99 and 0.87. In the
10dim analyses, the ratios are 1.10 and 1.34 for multiple-
regression, and 1.27 and 1.19 for single-regression. Hence the
main result is that for single-regression analyses, the peak Z-stat is
quite similar across TRs, but for multiple-regression, the peak Z is
56% higher at the shortest TR compared with the longest. This
improvement lessens at lower dimensionality (i.e., 10 RSN
regressors instead of 100). We discuss below where this
improvement comes from.

Sum (Z.Zthreshold)
These results reflect the size (spatial extent) of the estimated

RSNs, as well as the statistical significance. In the multiple-
regression, 100dim analysis, the median ratio of the 0.8 s and 0.4 s
data to the 2.5 s is 1.94 and 2.04 respectively. For single-
regressions, these ratios fall to 0.89 and 0.72. In the 10dim

Figure 1. Description of the M-EPI pulse sequence compared with conventional EPI. Top) EPI pulse sequence generates a single image
during each readout which is repeated by the number of slices to scan the whole brain. Bottom) Multiplexed-EPI (M-EPI) pulse sequence generates
several images during a single echo train readout and thus requires fewer repeats to scan the whole brain. The multibanded (MB) RF excitation pulses
are the sum of n frequency offset sinc-modulated pulses which excite slices at widely spaced positions to improve the separation of signal from the
different receiver coils. (Slice Positions) show closely spaced SIR images (red, blue, green) and the excitation positions of the n sinc pulses of the first
MB pulse. The MB pulse is repeatedm times for SIR excitations and corresponding signals (red, blue, green) are separated (K-Spaces) into individual k-
spaces according to their temporal order in the signal readout period. The MB signals (same color) are further separated into k-spaces using the
differential coil sensitivity. 2D FT image reconstruction of each individual k-space data set gives m6n number of M-EPI images.
doi:10.1371/journal.pone.0015710.g001
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Multiplexed Echo Planar Imaging for Sub-Second Whole
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Abstract

Echo planar imaging (EPI) is an MRI technique of particular value to neuroscience, with its use for virtually all functional MRI
(fMRI) and diffusion imaging of fiber connections in the human brain. EPI generates a single 2D image in a fraction of a
second; however, it requires 2–3 seconds to acquire multi-slice whole brain coverage for fMRI and even longer for diffusion
imaging. Here we report on a large reduction in EPI whole brain scan time at 3 and 7 Tesla, without significantly sacrificing
spatial resolution, and while gaining functional sensitivity. The multiplexed-EPI (M-EPI) pulse sequence combines two forms
of multiplexing: temporal multiplexing (m) utilizing simultaneous echo refocused (SIR) EPI and spatial multiplexing (n) with
multibanded RF pulses (MB) to achieve m6n images in an EPI echo train instead of the normal single image. This resulted in
an unprecedented reduction in EPI scan time for whole brain fMRI performed at 3 Tesla, permitting TRs of 400 ms and
800 ms compared to a more conventional 2.5 sec TR, and 2–4 times reductions in scan time for HARDI imaging of neuronal
fibertracks. The simultaneous SE refocusing of SIR imaging at 7 Tesla advantageously reduced SAR by using fewer RF
refocusing pulses and by shifting fat signal out of the image plane so that fat suppression pulses were not required. In
preliminary studies of resting state functional networks identified through independent component analysis, the 6-fold
higher sampling rate increased the peak functional sensitivity by 60%. The novel M-EPI pulse sequence resulted in a
significantly increased temporal resolution for whole brain fMRI, and as such, this new methodology can be used for
studying non-stationarity in networks and generally for expanding and enriching the functional information.
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Introduction

In the last two decades, magnetic resonance imaging (MRI)
techniques such as functional magnetic resonance imaging (fMRI)
[1,2] and diffusion weighted imaging for neuronal fiber tracto-
graphy [3,4,5] have revolutionized our ability to investigate the
human brain. These techniques mostly rely on echo planar
imaging (EPI) [6] for spatial encoding of the magnetic resonance
image because of its fast scan time, enabling rapid volumetric
coverage over the brain reducing temporal instabilities associated
with multi-excitation techniques (e.g. [7,8]). With contemporary
scanner hardware, a single EPI image of a 2D slice can be
obtained in tens of milliseconds and is repeated at adjacent
positions, requiring 2–3 seconds for whole brain imaging.
Since its initial application, EPI scan time has not substantially

decreased. Nearly all the successful efforts to shorten EPI

acquisition times have targeted reducing the number of refocused
echoes needed for spatial encoding to form an image (by means of
partial Fourier [9], parallel imaging [10,11,12], or sparse data
sampling approaches [13]). Although these approaches decrease
scan time for spatial encoding in EPI, with many consequent
benefits, they do not necessarily reduce image acquisitions time
significantly. This is because a physiological contrast preparation
period (i.e. for neuronal activity or water diffusion) must precede
the spatial encoding period for each slice and this contrast
preparation period can equal or exceed the time employed for
collecting the EPI echo train. 3D echo volume (EVI) [14] avoids
the repetition of the contrast encoding time by following a single
contrast preparation period with subsequent 3D volume coverage
in a single echo train. However, this approach has limitations in
spatial resolution and image quality due to longer echo trains
needed to fully encode the volumetric spatial information in the
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analyses, the ratios are 1.26 and 1.35 for multiple-regression, and
1.30 and 0.95 for single-regression. Hence the main result is that for
single-regression analyses, the sum-of-Z-stats (size6 significance) is

quite similar across TRs, but for multiple-regression, the sum-of-
Zstats is 100% higher at the shortest TR, compared with the longest
(with this improvement lessening at lower dimensionality).

Figure 2. Images at 3 Tesla, comparing 4 adjacent slices out of the total 60 slices at 2mm isotropic resolution covering the entire
brain. Each row of images was obtained with a different pulse sequence and slice acceleration, producing 1, 4, 6 and 12 slices from the EPI echo
train. The mxn parameters (SIR6MB) are shown.
doi:10.1371/journal.pone.0015710.g002

Figure 3. M-EPI images acquired at 7 Tesla. left) M-EPI with 1.5 mm isotropic resolution comparing 1, 4 and 6 images per echo train utilizing
different multiplexing. middle) SE EPI has chemical shift artifact (arrows) that is normally removed with fat-saturation RF pulses or using different
pulse lengths for the excitation and the refocusing pulse; the SE M-EPI images have inherent absence of the fat ghost artifact and require half as
many refocusing pulses to substantially reduce SAR. right) By increasing parallel imaging from R-3 to R-4, the echo train shortened to overcome SIR
lengthening to remove the artifact (arrow) with similar appearance to EPI with R-3 and similar echo train length.
doi:10.1371/journal.pone.0015710.g003

Multiplexed EPI
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In spatial ICA (commonly applied to fMRI data) the statistical
samples correspond to voxel observations (spatial statistics) and
“super-Gaussian” spatial components (i.e. with leptokurtic statisti-
cal distributions), which are preferentially pursued (McKeown et al.,
1998; Hyvarinen et al., 2001; Calhoun et al., 2001). Therefore, in
order to quantify the effects of partial volume and evaluate the
functional to anatomical relationship we matched statistical sam-
ples across all acquisitions by resampling all data sets towards the
highest native spatial resolution (represented by the 1 mm data set).
Spatial differences in the results can then be interpreted as caused
by differential spatial averaging in the acquisitions (e. g. more or less
partial volume effects) and not as arising from the different number
of statistical samples used in the analysis. While preserving spatial
information was key to the overall aim of this study, all data sets
were slightly spatially filtered by 2 voxels (Gaussian kernel of
FWHM=2 mm) after resampling at the common 1 mm resolution.
This choice was made to homogenize in part the smoothness (i.e. the
initial “gaussianity” of the data) towards the highest native spatial
smoothness (represented by the 2 mm data set resampled to 1 mm),

a factor that could affect the convergence of the ICA algorithm and
the quality of the resulting ICA decompositions.

The identification of components of interest (e.g. the DMN) was
performed on a single subject and single run level by correlating each IC
map with the previously computed groupmask. High-resolution group
maps were obtained by computing second level statistics (t-test) in
Talairach space.

To further investigate the partial volume effects within the DMN
distribution and possibly identify contributions from small draining
vessels in the proximity of the cortex, we used a temporal back-
projection procedure. Namely, we tested whether across all subjects
and voxels the regression of all concatenated individual voxels' time-
courses to the concatenated individual DMN component time-courses
exhibited a coherent co-activation (i.e. in phase over time with the
rest of the voxels). Since the ICA decomposition is estimated up to a
sign and scale factor, the individual DMN independent component
time-courses were first sign adjusted to make the bulk of the spatial
distribution (i.e. the portion with the most activated voxels) positive
in all subjects and then standardized by transformation to temporal

Fig. 2. Three exemplary slices of single subject functional data: 1 mm isotropic resolution (left), 1.5 mm isotropic resolution (center) and 2 mm isotropic resolution (right). Note the
higher level of distortions due to partial volume in the frontal cortex of the 2 mm isotropic data (yellow arrow).

1034 F. De Martino et al. / NeuroImage 57 (2011) 1031–1044
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Susceptibility contrast
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The ability to detect brain anatomy and pathophysiology with MRI
is limited by the contrast-to-noise ratio (CNR), which depends on
the contrast mechanism used and the spatial resolution. In this
work, we show that in MRI of the human brain, large improve-
ments in contrast to noise in high-resolution images are possible by
exploiting the MRI signal phase at high magnetic field strength.
Using gradient-echo MRI at 7.0 tesla and a multichannel detector,
a nominal voxel size of 0.24 ! 0.24 ! 1.0 mm3 (58 nl) was achieved.
At this resolution, a strong phase contrast was observed both
between as well as within gray matter (GM) and white matter
(WM). In gradient-echo phase images obtained on normal volun-
teers at this high resolution, the CNR between GM and WM ranged
from 3:1 to 20:1 over the cortex. This CNR is an almost 10-fold
improvement over conventional MRI techniques that do not use
image phase, and it is an !100-fold improvement when including
the gains in resolution from high-field and multichannel detection.
Within WM, phase contrast appeared to be associated with the
major fiber bundles, whereas contrast within GM was suggestive
of the underlying layer structure. The observed phase contrast is
attributed to local variations in magnetic susceptibility, which, at
least in part, appeared to originate from iron stores. The ability to
detect cortical substructure from MRI phase contrast at high field
is expected to greatly enhance the study of human brain anatomy
in vivo.

anatomy ! contrast mechanism ! cortex

The image quality and diagnostic value of MRI of the human
brain are primarily determined by the spatial resolution, signal-

to-noise ratio (SNR), and tissue contrast. Because these entities are
interdependent, ruled by the basic laws of NMR physics, their
simultaneous improvement is not simple or straightforward. For
example, reduction of the image voxel volume leads to a propor-
tional decrease in SNR. Furthermore, excellent tissue contrast
between gray matter (GM) and white matter (WM), the two main
tissue components of the human brain, can be readily achieved by
sensitizing the MRI acquisition technique to tissue relaxation times
T1 and T2, but not without substantial loss in SNR. Because of these
factors, clinical brain imaging on current 1.5 tesla (T) and 3.0 T
scanners is limited to a resolution of !1 mm3 (1 !l), an SNR of 10
to 20, and an even lower contrast-to-noise ratio (CNR; see Methods)
between GM and WM.

Recent developments in MRI technology have led to improve-
ments in contrast and SNR. Experimental high-field scanners,
operating at fields from 7.0 T to 9.4 T (1–3), allow a 2- to 3-fold
improvement in image SNR over 3.0 T systems. State-of-the-art
detectors based on novel multichannel technology (4–6) allow
an additional 2- to 6-fold improvement in SNR depending on the
brain region under study. The combined advantages of these
techniques allow an order of magnitude increase in SNR or
reduction of the voxel volume to "0.1 !l (7).

A major challenge of high-field MRI of the human brain is the
generation of strong tissue contrast that is not affected by the
technical difficulties associated with performing MRI at "7.0 T.
For example, at high field, spatial variation in B1 amplitude and
RF power deposition in tissue increase and limit the use of

efficient T2-weighted imaging techniques such as RARE (8).
T1-weighted techniques such as magnetization-prepared rapid
gradient-echo (MP-RAGE) (9) can provide excellent contrast
between GM and WM, but are also hampered by B1 power
deposition issues, have relatively low SNR, and, at high resolu-
tion, require long scan times.

Several recent studies have shown that the use of MRI signal
phase in gradient-echo (GRE) MRI can improve contrast MRI
in specific human brain structures, including veins and iron-rich
regions (10–14). Preliminary studies have also shown a substan-
tial contrast between WM and cortical GM (11, 15). In conven-
tional GRE, a magnitude image combines contributions from
transverse (T2) relaxation (which leads to signal decay) as well as
from loss of signal because of coherence loss caused by the local
resonance frequency offset or Bo shift. The latter originates, at
least in part, from the magnetic susceptibility differences be-
tween tissues (10, 11). Phase imaging allows increased dynamic
range in detection of these off-resonance effects by directly
measuring the change in frequency offset. Phase imaging at high
fields would not have some of the disadvantages of the tech-
niques established at low field, such as the requirement for very
homogeneous transmit fields that are hard to obtain at high
fields or high power deposition that can occur. In addition, phase
contrast is predicted to increase at higher magnetic fields.

In the current study, we explore the benefits of MRI of the
brain based on susceptibility induced phase contrast at 7.0 T.
First, we compare contrast based on the GRE phase with that
of conventional methods such as GRE and MP-RAGE magni-
tude images. Subsequently, we investigate whether the use of
GRE phase at high field, combined with the high spatial
resolution available with multichannel detectors, allows the
detection of cortical substructure in human brain.

Results
Image Quality. In all subjects, both GRE and MP-RAGE data
were of excellent quality. The use of a reference scan to correct
for B1 nonuniformities proved effective because only minimal
large-scale spatial variation in MP-RAGE image intensity was
observed. An example is shown in Fig. 1, which compares GRE
phase data with GRE magnitude data and the lower resolution
MP-RAGE data. Substantial contrast in brain tissue is observed
in all three types of MRI images. In addition, the GRE phase
data showed substantial intensity variations near air–tissue
interfaces (e.g., near the skull). These phase variations are
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The ability to detect brain anatomy and pathophysiology with MRI
is limited by the contrast-to-noise ratio (CNR), which depends on
the contrast mechanism used and the spatial resolution. In this
work, we show that in MRI of the human brain, large improve-
ments in contrast to noise in high-resolution images are possible by
exploiting the MRI signal phase at high magnetic field strength.
Using gradient-echo MRI at 7.0 tesla and a multichannel detector,
a nominal voxel size of 0.24 ! 0.24 ! 1.0 mm3 (58 nl) was achieved.
At this resolution, a strong phase contrast was observed both
between as well as within gray matter (GM) and white matter
(WM). In gradient-echo phase images obtained on normal volun-
teers at this high resolution, the CNR between GM and WM ranged
from 3:1 to 20:1 over the cortex. This CNR is an almost 10-fold
improvement over conventional MRI techniques that do not use
image phase, and it is an !100-fold improvement when including
the gains in resolution from high-field and multichannel detection.
Within WM, phase contrast appeared to be associated with the
major fiber bundles, whereas contrast within GM was suggestive
of the underlying layer structure. The observed phase contrast is
attributed to local variations in magnetic susceptibility, which, at
least in part, appeared to originate from iron stores. The ability to
detect cortical substructure from MRI phase contrast at high field
is expected to greatly enhance the study of human brain anatomy
in vivo.

anatomy ! contrast mechanism ! cortex

The image quality and diagnostic value of MRI of the human
brain are primarily determined by the spatial resolution, signal-

to-noise ratio (SNR), and tissue contrast. Because these entities are
interdependent, ruled by the basic laws of NMR physics, their
simultaneous improvement is not simple or straightforward. For
example, reduction of the image voxel volume leads to a propor-
tional decrease in SNR. Furthermore, excellent tissue contrast
between gray matter (GM) and white matter (WM), the two main
tissue components of the human brain, can be readily achieved by
sensitizing the MRI acquisition technique to tissue relaxation times
T1 and T2, but not without substantial loss in SNR. Because of these
factors, clinical brain imaging on current 1.5 tesla (T) and 3.0 T
scanners is limited to a resolution of !1 mm3 (1 !l), an SNR of 10
to 20, and an even lower contrast-to-noise ratio (CNR; see Methods)
between GM and WM.

Recent developments in MRI technology have led to improve-
ments in contrast and SNR. Experimental high-field scanners,
operating at fields from 7.0 T to 9.4 T (1–3), allow a 2- to 3-fold
improvement in image SNR over 3.0 T systems. State-of-the-art
detectors based on novel multichannel technology (4–6) allow
an additional 2- to 6-fold improvement in SNR depending on the
brain region under study. The combined advantages of these
techniques allow an order of magnitude increase in SNR or
reduction of the voxel volume to "0.1 !l (7).

A major challenge of high-field MRI of the human brain is the
generation of strong tissue contrast that is not affected by the
technical difficulties associated with performing MRI at "7.0 T.
For example, at high field, spatial variation in B1 amplitude and
RF power deposition in tissue increase and limit the use of

efficient T2-weighted imaging techniques such as RARE (8).
T1-weighted techniques such as magnetization-prepared rapid
gradient-echo (MP-RAGE) (9) can provide excellent contrast
between GM and WM, but are also hampered by B1 power
deposition issues, have relatively low SNR, and, at high resolu-
tion, require long scan times.

Several recent studies have shown that the use of MRI signal
phase in gradient-echo (GRE) MRI can improve contrast MRI
in specific human brain structures, including veins and iron-rich
regions (10–14). Preliminary studies have also shown a substan-
tial contrast between WM and cortical GM (11, 15). In conven-
tional GRE, a magnitude image combines contributions from
transverse (T2) relaxation (which leads to signal decay) as well as
from loss of signal because of coherence loss caused by the local
resonance frequency offset or Bo shift. The latter originates, at
least in part, from the magnetic susceptibility differences be-
tween tissues (10, 11). Phase imaging allows increased dynamic
range in detection of these off-resonance effects by directly
measuring the change in frequency offset. Phase imaging at high
fields would not have some of the disadvantages of the tech-
niques established at low field, such as the requirement for very
homogeneous transmit fields that are hard to obtain at high
fields or high power deposition that can occur. In addition, phase
contrast is predicted to increase at higher magnetic fields.

In the current study, we explore the benefits of MRI of the
brain based on susceptibility induced phase contrast at 7.0 T.
First, we compare contrast based on the GRE phase with that
of conventional methods such as GRE and MP-RAGE magni-
tude images. Subsequently, we investigate whether the use of
GRE phase at high field, combined with the high spatial
resolution available with multichannel detectors, allows the
detection of cortical substructure in human brain.

Results
Image Quality. In all subjects, both GRE and MP-RAGE data
were of excellent quality. The use of a reference scan to correct
for B1 nonuniformities proved effective because only minimal
large-scale spatial variation in MP-RAGE image intensity was
observed. An example is shown in Fig. 1, which compares GRE
phase data with GRE magnitude data and the lower resolution
MP-RAGE data. Substantial contrast in brain tissue is observed
in all three types of MRI images. In addition, the GRE phase
data showed substantial intensity variations near air–tissue
interfaces (e.g., near the skull). These phase variations are
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attributed to susceptibility differences between the different
tissue types caused by macroscopic phase effects that were not
completely removed by the correction procedure based on
polynomial fitting (see Methods). In addition, some phase dis-
tortions were seen in areas with very low SNR, such as the large
vessels.

For both the GRE and MP-RAGE data, image SNR varied
strongly over the brain. SNR was highest in peripheral cortex, a
phenomenon inherent to signal reception with array detectors
(16). For GRE data, SNR varied from 20:1 in the peripheral
cortex to 3:1 in GM in the center of the brain. For the MP-RAGE
data, WM SNR values in corresponding regions were 28:1 and
4:1, respectively.

Contrast Between GM and WM. In most brain regions, image
contrast in GRE magnitude, GRE phase, and MP-RAGE data

allowed discrimination between GM and WM regions. In the
GRE magnitude data, contrast between GM and WM was
variable and sometimes vanished (see Figs. 1 and 2), consistent
with earlier work (7). A dramatic contrast between GM and WM
was observed in the GRE phase data, indicating frequency
differences of up to 6 Hz between cortical GM and underlying
WM. Similar GM-WM differences were seen in all subjects. Like
GRE magnitude contrast, GRE phase contrast was variable and
appeared to vanish in some brain regions. In the phase data, the
GM frequency was higher than that of WM and cerebrospinal
f luid (CSF), corresponding to a larger (and more positive)
magnetic susceptibility. Outside the major fiber bundles, little
contrast was observed between WM and CSF (see Fig. 3). The
GM-WM CNR of GRE phase data was generally substantially
higher than of that GRE magnitude data. The improvement over
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Fig. 2. Example of GRE magnitude and phase data in central brain region
acquired at a 240 ! 240 !m inplane resolution. Note the many anatomical
details visible at this resolution, including veins crossing the optic radiations
(box 1), columna fornix (box 2), cross-section of the mamillothalamic tract (box
3), globus pallidus (box 4), putamen (box 5), and head of the caudate nucleus
(box 6).
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Fig. 3. Intracortical contrast in MRI signal phase. Most cortical regions show
a variation intensity that is suggestive of an underlying layer structure (Left).
The intensity pattern varies between the different gyri, with clear differences
between the upper and lower banks of the central sulcus (Right Lower) and
cortices adjacent to the superior frontal sulcus (Right Upper).
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WM         GM                  GM          WM

Fig. 4. Intracortical contrast in the primary visual cortex. In the GRE magni-
tude image (Left Upper) and phase image (Right Upper), a darkening is
observed in the central layers of the cortex, resembling the stria of Gennari
(black arrow). Intensity profiles along a single projection through the cortex
(dotted line in zoomed area outlined by yellow box) show that this area is
"150–250 !m wide (Right Lower). Note the superior CNR of the phase data
compared with the magnitude data (all GRE data are displayed at identical
noise levels). The observed frequency difference between central GM and WM
reaches "6.0 Hz. Regions with central darkening in phase show a faint
brightening in the MPRAGE image (Left Lower).
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Fig. 1. Illustration of image quality of MRI based on image phase. The
increased CNR available with MRI phase data allows dramatically improved
resolution and shorter scan time. The GRE data (Left and Center) were ac-
quired at a resolution of 240 ! 240 !m in a scan time of 6.5 min, whereas the
MP-RAGE data (Right) was acquired at a resolution of 480 ! 480 !m in a scan
time of 20 min. The scale bar in the GRE phase data shows the frequency shifts
corresponding to the observed phase differences. (Lower) Magnifications of
the area outlined in white on the GRE magnitude image (Left Upper). The
macroscopic intensity variations in the phase image are attributed to suscep-
tibility effects related to air–tissue interfaces.
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attributed to susceptibility differences between the different
tissue types caused by macroscopic phase effects that were not
completely removed by the correction procedure based on
polynomial fitting (see Methods). In addition, some phase dis-
tortions were seen in areas with very low SNR, such as the large
vessels.

For both the GRE and MP-RAGE data, image SNR varied
strongly over the brain. SNR was highest in peripheral cortex, a
phenomenon inherent to signal reception with array detectors
(16). For GRE data, SNR varied from 20:1 in the peripheral
cortex to 3:1 in GM in the center of the brain. For the MP-RAGE
data, WM SNR values in corresponding regions were 28:1 and
4:1, respectively.

Contrast Between GM and WM. In most brain regions, image
contrast in GRE magnitude, GRE phase, and MP-RAGE data

allowed discrimination between GM and WM regions. In the
GRE magnitude data, contrast between GM and WM was
variable and sometimes vanished (see Figs. 1 and 2), consistent
with earlier work (7). A dramatic contrast between GM and WM
was observed in the GRE phase data, indicating frequency
differences of up to 6 Hz between cortical GM and underlying
WM. Similar GM-WM differences were seen in all subjects. Like
GRE magnitude contrast, GRE phase contrast was variable and
appeared to vanish in some brain regions. In the phase data, the
GM frequency was higher than that of WM and cerebrospinal
f luid (CSF), corresponding to a larger (and more positive)
magnetic susceptibility. Outside the major fiber bundles, little
contrast was observed between WM and CSF (see Fig. 3). The
GM-WM CNR of GRE phase data was generally substantially
higher than of that GRE magnitude data. The improvement over
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Fig. 2. Example of GRE magnitude and phase data in central brain region
acquired at a 240 ! 240 !m inplane resolution. Note the many anatomical
details visible at this resolution, including veins crossing the optic radiations
(box 1), columna fornix (box 2), cross-section of the mamillothalamic tract (box
3), globus pallidus (box 4), putamen (box 5), and head of the caudate nucleus
(box 6).
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Fig. 3. Intracortical contrast in MRI signal phase. Most cortical regions show
a variation intensity that is suggestive of an underlying layer structure (Left).
The intensity pattern varies between the different gyri, with clear differences
between the upper and lower banks of the central sulcus (Right Lower) and
cortices adjacent to the superior frontal sulcus (Right Upper).
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Fig. 4. Intracortical contrast in the primary visual cortex. In the GRE magni-
tude image (Left Upper) and phase image (Right Upper), a darkening is
observed in the central layers of the cortex, resembling the stria of Gennari
(black arrow). Intensity profiles along a single projection through the cortex
(dotted line in zoomed area outlined by yellow box) show that this area is
"150–250 !m wide (Right Lower). Note the superior CNR of the phase data
compared with the magnitude data (all GRE data are displayed at identical
noise levels). The observed frequency difference between central GM and WM
reaches "6.0 Hz. Regions with central darkening in phase show a faint
brightening in the MPRAGE image (Left Lower).
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Fig. 1. Illustration of image quality of MRI based on image phase. The
increased CNR available with MRI phase data allows dramatically improved
resolution and shorter scan time. The GRE data (Left and Center) were ac-
quired at a resolution of 240 ! 240 !m in a scan time of 6.5 min, whereas the
MP-RAGE data (Right) was acquired at a resolution of 480 ! 480 !m in a scan
time of 20 min. The scale bar in the GRE phase data shows the frequency shifts
corresponding to the observed phase differences. (Lower) Magnifications of
the area outlined in white on the GRE magnitude image (Left Upper). The
macroscopic intensity variations in the phase image are attributed to suscep-
tibility effects related to air–tissue interfaces.
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Susceptibility contrast

attributed to susceptibility differences between the different
tissue types caused by macroscopic phase effects that were not
completely removed by the correction procedure based on
polynomial fitting (see Methods). In addition, some phase dis-
tortions were seen in areas with very low SNR, such as the large
vessels.

For both the GRE and MP-RAGE data, image SNR varied
strongly over the brain. SNR was highest in peripheral cortex, a
phenomenon inherent to signal reception with array detectors
(16). For GRE data, SNR varied from 20:1 in the peripheral
cortex to 3:1 in GM in the center of the brain. For the MP-RAGE
data, WM SNR values in corresponding regions were 28:1 and
4:1, respectively.

Contrast Between GM and WM. In most brain regions, image
contrast in GRE magnitude, GRE phase, and MP-RAGE data

allowed discrimination between GM and WM regions. In the
GRE magnitude data, contrast between GM and WM was
variable and sometimes vanished (see Figs. 1 and 2), consistent
with earlier work (7). A dramatic contrast between GM and WM
was observed in the GRE phase data, indicating frequency
differences of up to 6 Hz between cortical GM and underlying
WM. Similar GM-WM differences were seen in all subjects. Like
GRE magnitude contrast, GRE phase contrast was variable and
appeared to vanish in some brain regions. In the phase data, the
GM frequency was higher than that of WM and cerebrospinal
f luid (CSF), corresponding to a larger (and more positive)
magnetic susceptibility. Outside the major fiber bundles, little
contrast was observed between WM and CSF (see Fig. 3). The
GM-WM CNR of GRE phase data was generally substantially
higher than of that GRE magnitude data. The improvement over
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Fig. 2. Example of GRE magnitude and phase data in central brain region
acquired at a 240 ! 240 !m inplane resolution. Note the many anatomical
details visible at this resolution, including veins crossing the optic radiations
(box 1), columna fornix (box 2), cross-section of the mamillothalamic tract (box
3), globus pallidus (box 4), putamen (box 5), and head of the caudate nucleus
(box 6).
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Fig. 3. Intracortical contrast in MRI signal phase. Most cortical regions show
a variation intensity that is suggestive of an underlying layer structure (Left).
The intensity pattern varies between the different gyri, with clear differences
between the upper and lower banks of the central sulcus (Right Lower) and
cortices adjacent to the superior frontal sulcus (Right Upper).
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Fig. 4. Intracortical contrast in the primary visual cortex. In the GRE magni-
tude image (Left Upper) and phase image (Right Upper), a darkening is
observed in the central layers of the cortex, resembling the stria of Gennari
(black arrow). Intensity profiles along a single projection through the cortex
(dotted line in zoomed area outlined by yellow box) show that this area is
"150–250 !m wide (Right Lower). Note the superior CNR of the phase data
compared with the magnitude data (all GRE data are displayed at identical
noise levels). The observed frequency difference between central GM and WM
reaches "6.0 Hz. Regions with central darkening in phase show a faint
brightening in the MPRAGE image (Left Lower).
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Fig. 1. Illustration of image quality of MRI based on image phase. The
increased CNR available with MRI phase data allows dramatically improved
resolution and shorter scan time. The GRE data (Left and Center) were ac-
quired at a resolution of 240 ! 240 !m in a scan time of 6.5 min, whereas the
MP-RAGE data (Right) was acquired at a resolution of 480 ! 480 !m in a scan
time of 20 min. The scale bar in the GRE phase data shows the frequency shifts
corresponding to the observed phase differences. (Lower) Magnifications of
the area outlined in white on the GRE magnitude image (Left Upper). The
macroscopic intensity variations in the phase image are attributed to suscep-
tibility effects related to air–tissue interfaces.
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attributed to susceptibility differences between the different
tissue types caused by macroscopic phase effects that were not
completely removed by the correction procedure based on
polynomial fitting (see Methods). In addition, some phase dis-
tortions were seen in areas with very low SNR, such as the large
vessels.

For both the GRE and MP-RAGE data, image SNR varied
strongly over the brain. SNR was highest in peripheral cortex, a
phenomenon inherent to signal reception with array detectors
(16). For GRE data, SNR varied from 20:1 in the peripheral
cortex to 3:1 in GM in the center of the brain. For the MP-RAGE
data, WM SNR values in corresponding regions were 28:1 and
4:1, respectively.

Contrast Between GM and WM. In most brain regions, image
contrast in GRE magnitude, GRE phase, and MP-RAGE data

allowed discrimination between GM and WM regions. In the
GRE magnitude data, contrast between GM and WM was
variable and sometimes vanished (see Figs. 1 and 2), consistent
with earlier work (7). A dramatic contrast between GM and WM
was observed in the GRE phase data, indicating frequency
differences of up to 6 Hz between cortical GM and underlying
WM. Similar GM-WM differences were seen in all subjects. Like
GRE magnitude contrast, GRE phase contrast was variable and
appeared to vanish in some brain regions. In the phase data, the
GM frequency was higher than that of WM and cerebrospinal
f luid (CSF), corresponding to a larger (and more positive)
magnetic susceptibility. Outside the major fiber bundles, little
contrast was observed between WM and CSF (see Fig. 3). The
GM-WM CNR of GRE phase data was generally substantially
higher than of that GRE magnitude data. The improvement over
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Fig. 2. Example of GRE magnitude and phase data in central brain region
acquired at a 240 ! 240 !m inplane resolution. Note the many anatomical
details visible at this resolution, including veins crossing the optic radiations
(box 1), columna fornix (box 2), cross-section of the mamillothalamic tract (box
3), globus pallidus (box 4), putamen (box 5), and head of the caudate nucleus
(box 6).
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Fig. 3. Intracortical contrast in MRI signal phase. Most cortical regions show
a variation intensity that is suggestive of an underlying layer structure (Left).
The intensity pattern varies between the different gyri, with clear differences
between the upper and lower banks of the central sulcus (Right Lower) and
cortices adjacent to the superior frontal sulcus (Right Upper).
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Fig. 4. Intracortical contrast in the primary visual cortex. In the GRE magni-
tude image (Left Upper) and phase image (Right Upper), a darkening is
observed in the central layers of the cortex, resembling the stria of Gennari
(black arrow). Intensity profiles along a single projection through the cortex
(dotted line in zoomed area outlined by yellow box) show that this area is
"150–250 !m wide (Right Lower). Note the superior CNR of the phase data
compared with the magnitude data (all GRE data are displayed at identical
noise levels). The observed frequency difference between central GM and WM
reaches "6.0 Hz. Regions with central darkening in phase show a faint
brightening in the MPRAGE image (Left Lower).
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Fig. 1. Illustration of image quality of MRI based on image phase. The
increased CNR available with MRI phase data allows dramatically improved
resolution and shorter scan time. The GRE data (Left and Center) were ac-
quired at a resolution of 240 ! 240 !m in a scan time of 6.5 min, whereas the
MP-RAGE data (Right) was acquired at a resolution of 480 ! 480 !m in a scan
time of 20 min. The scale bar in the GRE phase data shows the frequency shifts
corresponding to the observed phase differences. (Lower) Magnifications of
the area outlined in white on the GRE magnitude image (Left Upper). The
macroscopic intensity variations in the phase image are attributed to suscep-
tibility effects related to air–tissue interfaces.
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magnitude contrast can most readily be appreciated from Fig. 4,
in which GRE magnitude and phase data are displayed at
identical noise levels. The improvement with GRE phase data is
also consistent with theory, which predicts higher CNR values by
a factor of 1.8 ! !FGM ! FWM!, with F the derived tissue frequency
related to the local Bo shift (see Methods).

As observed previously at low resolution and low field, the
motor cortex region showed a relatively strong phase effect (Fig.
3) possibly because of its increased iron content (15). Table 1
summarizes the average phase shifts observed in this region,
indicating an average GM-WM contrast of 4.7 " 0.9 Hz. Because
of this large frequency shift, the estimated CNR gain over
magnitude data was #9-fold. The MP-RAGE data showed good
GM-WM contrast that was relatively constant across brain
regions, consistent with studies at lower field strength (Fig. 1).
The uniform contrast is attributed to the adiabatic inversion
pulse used for T1-weighting, which is minimally sensitive to the
substantial B1 transmit inhomogeneities present at high field.
GM-WM CNR values in central and peripheral regions for
MP-RAGE were #1.5:1 and 8:1, respectively, compared to 3:1
and 20:1 for GRE phase data. When adjusted for the two to three
times longer scan time and four times larger voxel size, the
inherent CNR of MP-RAGE data was 10- to 12-fold lower than
that of GRE phase data.

Contrast Within GM and WM. In contrast to the uniform intensity
within tissue types in MP-RAGE images, both GRE magnitude
and phase data showed a substantial heterogeneity within both
GM and WM. A striking feature of the GRE scans was the dark
appearance of venous vessels in both magnitude and phase data.
An illustrative example is the low signal intensity caused by veins
crossing the optic radiations in Fig. 2, box 1. This result is
attributed to the effect of paramagnetic deoxyhemoglobin in
venous blood, leading to a less negative susceptibility and a lower
T*2 (17–19) compared to surrounding tissues. The lower T*2 forms
the basis for the technique of MRI venography (20, 21). The
strong effect of dark venous vessels in MRI $7.0 T has been
described previously for magnitude GRE (22).

Another notable feature of GRE magnitude and phase data
is the heterogeneity within WM (Figs. 1 and 2). In the magnitude
data, WM contrast appeared to correlate with the location of
major fiber bundles (e.g., see Fig. 2) as reported previously (7).
A somewhat similar effect was present in the phase data, with a
strong contrast seen between the optic radiations and the
surrounding WM (Fig. 2, box 1). Also clearly standing out in the
phase data were fine WM structures such as the columna fornix
(box 2) and the mamillothalamic tract (box 3), and GM struc-
tures such as the globus pallidus (box 4), the putamen (box 5),
and the head of the caudate (box 6). Strong phase contrast in
these GM structures has been reported previously at 1.5 T and
attributed to local deposits of iron (23).

Apart from the phase effects apparently associated with pial
veins on the cortical surface and principal intracortical veins
traversing the cortex, several other features were present within
cortical GM in the phase images. Interestingly, in many cortical
regions, including the motor cortex, phase variations across the
cortical thickness were observed, suggesting a layer-specific
contrast (Figs. 3, 4, and 5a). In general, contrast of GM with CSF

and WM was strongest in the deeper layers of the cortex. A
notable exception was the primary visual cortex (Fig. 4), where
contrast was most prominent in the central layers. The dark
banding in the GRE phase data corresponded to a darkening in
the GRE magnitude data and a faint brightening in the MP-
RAGE data. The latter has been observed previously and is
attributed to the stria of Gennari (24, 25), a myelin-rich region
in the primary visual cortex.

Discussion
General Remarks. The results presented here indicate that high-
field MRI combined with multichannel detection and phase-
based contrast allows in vivo brain imaging with unprecedented
CNR and resolution. Excellent image quality was obtained at
58-nl voxel resolution, owing in part to the suppression of
ghosting artifacts through real-time shimming of the Bo field
(26). At this high resolution, a substantial phase contrast is seen
both between as well as within GM and WM. In the cerebral
cortex, a contrast pattern suggestive of an underlying layer
structure was observed. MRI phase contrast in GRE images has
been attributed to magnetic susceptibility differences, which can
originate from a variety of sources, including tissue iron and
myelin content and deoxygenated hemoglobin in blood (for
further discussion, see Origin of Phase Contrast).

The large degree of signal heterogeneity reported here in both
GM and WM using phase imaging originates from and allows
detection of the underlying anatomy. There have been a few
papers that have detected a small number of specific areas of
WM heterogeneity using conventional MRI contrast at lower
fields (27–29). However, none of these papers reported the
widespread heterogeneity detected in the present work. Re-
cently, we reported extensive heterogeneity throughout WM
using magnitude GRE at 7.0 T (7). These results are replicated
here, and the contrast was improved by using signal phase. It is
clear that the contrast relates to specific fiber bundles, as well as
tissue heterogeneity within regions of WM. Similarly, there have
been a few reports of GM heterogeneity detected with T1-based
MRI of the human brain (30, 31). The phase imaging reported
here reveals large changes in contrast as one goes around the
cortex, most notably through the motor cortex. Recently, a
number of groups have reported contrast across the cortex that
has been attributed to myelin differences in the different cortical
layers (24, 25, 32–34). The primarily T1-based contrast used in
these studies is much lower than that found between GM and
WM, making it difficult to routinely detect cortical substructure.
In the present work, substantial heterogeneity was detected in
the phase images obtained at 7.0 T across the cortex. Because
phase imaging allowed a much larger CNR than that available
with T1-based contrast, it should prove useful as a robust
approach for noninvasively studying cytoarchitecture of individ-

Table 1. Frequency shift, !F, between tissue types in the motor
cortex (MC) area

%F GM-CSF %F WM-CSF %F GM-WM

Left MC 4.44 (0.76) !0.12 (1.04) 4.56 (0.73)
Right MC 4.31 (0.51) !0.47 (1.22) 4.78 (1.13)
Average MC 4.38 (0.40) !0.29 (1.01) 4.67 (0.87)

-5 Hz 5 Hz-5 Hz 5 Hz
a                       b  c               d

Fig. 5. Illustration of possible origins of MRI phase contrast. (Insets) Cortical
areas with layer-specific contrast. The increasing contrast seen in the deeper
layers of the cortex (a, our data) is consistent with multiple hypothesized
origins, including vascular density/hemoglobin content (b; corrosion cast of
cortical vasculature reproduced from ref. 38), myelin concentration (c; myelin
silver stain reproduced from ref. 39), and iron concentration (d; Perl’s iron stain
reproduced from ref. 44).
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